Abstract-Smart Knee Brace (SKB) is designed to provide controlled perturbations to the human knee during walking. A dynamic model of human walking is then used to evaluate the human applied joint torques to hypothesize how the human neuro-muscular system modulates the joint torques as a response to the perturbations caused on the gait.
I. INTRODUCTION
Today, the number of people over the age of 60 is growing rapidly and is estimated to reach 2 billion worldwide by 2050 [1] . One third of older adults living in the community fall at least once a year [2] . The consequences of falls include reduced quality of life and independence [2] , physical and psychological trauma [3] , substantial health care costs [4] . Therefore, prevention of falls is of primary importance.
Studies have shown that falls are neither accidental nor random events but are predictable occurrences [3] . A number of studies have demonstrated fall predictors including asymmetry in kinetics of the limbs [5] , impairments in postural stability, reaction time and visual functions [2] . Falls can be reduced or prevented by reducing the risk factors and by proper training [6] . Studies suggest that correcting kinematic errors in gait has an important role in motor learning [7] , so it is plausible that rehabilitation programs in which perturbing joint kinematics during walking can be used to investigate the neuromuscular control of human locomotion [8] .
In this paper, we first describe an in-house designed brace labeled smart knee brace (SKB), to investigate neuromuscular responses to perturbations in gait that induce errors in knee kinematics. Joint kinematics are then utilized by a dynamic model of the human leg to investigate neuromuscular response to these perturbations through various error correcting models and least square data fitting. These sections are followed by significance of the results, discussion and conclusions of testing on healthy young and older adult subjects.
II. SMART KNEE BRACE
SKB is a knee ankle foot orthosis (KAFO) (Fig. 1) , and can be used to lock and unlock the knee while a subject is walking. The brace has an adjustable shank segment and a foot segment that is worn inside a shoe. The length of the shank segment and the size of the foot segment can be adjusted to have a good alignment between the knee and ankle joints of the human with the knee and ankle joints on the brace. The components and computer interface of SKB. The brace transmits knee angle and pressure sensor data in real-time while it receives lock information, which includes the details about the lock to be activated, phase of the gait cycle and duration to keep the knee joint locked.
The knee joint of the brace is fitted with a specially designed gear and a lock mechanism. This lock is powered by a linear solenoid which engages and disengages a lock pawl into the gear plate. Twelve pressure sensors are placed on the sole of the shoe along its length, divided into four sets. Each set has three sensors, placed laterally, centrally, and medially to achieve full coverage of the foot. A miniature absolute magnetic shaft encoder measures the angle of the knee.
A. Event Detection and Lock Strategies
The data sent by SKB to the computer are the knee joint angle and pressure from four sets of sensors underneath the foot. The locking strategies that can be prescribed are shown in Fig. 2 . The knee can be prevented from flexing during loading response (LRFL), locked so the knee can't extend in Midstance (MSEL), prevented from flexing in early swing (ESFL) or prevented from extending in late swing (LSEL). These locking strategies can each be used separately or in combination and can be engaged for one stride of walking or continuously during each stride of walking. Locking Strategies during one stride (heel strike to the next consecutive heel strike). Flexion locks can be engaged during Loading Response and Early Swing Phase, Extension locks can engage during Midstance and Late Swing Phase at prescribed angles.
Based on our pilot testing, the flexion lock in early swing was the most disturbing to people walking on a treadmill so that is the lock condition we focus in this paper.
III. DATA COLLECTION
Ten young (3 females) and three older (male) healthy adults participated in the study. The mean age was 23.2±2.6 for young subjects, and 70.67±5.86 for older subjects. None of the subjects had prior experience walking with SKB and they were told that the knee axis would lock while they are walking but they were not told which lock strategy would be used or when the lock would engage. All subjects gave written informed consent approved by the Institutional Review Board of our Institution prior to participating. A safety harness was used that did not restrict walking or support body weight during experiments to safeguard subjects from falling. Reflective markers were placed on the subject's legs in order to record joint kinematics via an 8-camera Vicon motion analysis system. Ground reaction forces were also measured by an instrumented treadmill (AMTI, Watertown, MA) with independent force platforms under each foot.
The experiments begin with an acclimation period of 5 minutes where the subjects walk on the treadmill at a speed of 1 meter/second while wearing the brace but no locks engaged. At the end of this acclimation period, the baseline pattern of the subject's gait with the brace under the no-lock condition is collected for 1 minute.
After the baseline data is captured, 3 trials each of 3 locking strategies are used as follows: (i) flexion lock during early-swing, (ii) extension lock in late-swing and (iii) extension lock in mid-stance. Lock trials were run in a random order and each condition was repeated 3 times. The experimental protocol is summarized in Table I .
IV. DYNAMIC MODEL OF HUMAN WALKING DURING SWING
One of the goals of this work is to predict how the human neuro-muscular system responds to kinematic perturbations to one limb during gait. In order to quantify the kinetics of swing, a four degree-of-freedom human walking model was developed. This model does not account for the double support phase rather it assumes that the two heels of the stance feet contact the ground independently. Each leg moves in the sagittal plane and consists of a hip and knee joint. The hip and knee segments have distributed mass, based on anthropometric data [9] , and a point mass at the hip represents the contributions of the upper trunk. This is shown schematically in Fig. 3 , where the biped changes its stance from the left leg to the right leg. Clockwise direction is chosen as the positive direction for joint angles. As shown in Fig. 3 , lsh is the length of the shank segment, lcsh is the location of the center of mass of this segment from the knee joint, lth is the length of the thigh segment and lcth is the location of the center of mass of this segment from the hip joint.
The joint angles are shown in Fig. 3 , q 1 for the left knee angle, q 2 for the left hip, q 3 for the right hip, and q 4 for the right knee. Fig. 3(a) shows the subject with stance on the left leg, while Fig. 3(b) shows for the right leg. The stance leg rolls on the ground without sliding and the subject's motion is assumed to be in the sagittal plane.
The dynamic model is obtained by using the Lagrangian formulation and the equations of motion have the form of:
where q = (q 1 , q 2 , q 3 , q 4 )
T , D(q) is the (4 × 4) positive definite inertia matrix, C(q,q) is the matrix of centrifugal and Coriolis terms, G(q) is the gravity matrix and u = (u 1 , u 2 , u 3 , u 4 ) is the vector of joint torques for hip and knee. In order to calculate joint torques, as a human switches stance from the right leg to the left leg, two different models were developed compatible with sketches shown in Figs. 3(a)  and 3(b) .
Gait events are detected using the sensors mounted on the SKB and the motion capture system. Motion capture system provides data for joint kinematics during the unlocked condition and after perturbations caused by knee lock in early swing. Using these kinematic data, the dynamic model predicts the torques applied at the joints during free knee movement conditions and after the locked stride.
V. HUMAN NEURO-MUSCULAR RESPONSE
Human neuro-muscular system responds to perturbations during gait by attempting to restore the normal gait kinematics by modulating the torques applied at the joints. We believe that characterization of the neuro-muscular response of individuals to perturbations, i.e., how an individual modulates joint torques may provide insight into who is more prone to falls. In this paper, we characterize the neuro-muscular response by different control laws: (i) independent joint control -error from the normal motion at a joint is used to modulate the torques applied at that joint and, (ii) coordinated joint control -errors from the normal motion of all joints are used to modulate the torque input at one joint. We observed from our models that these control laws alone are not enough to explain the human applied joint torques after the perturbation. These control laws need to include a characteristic time shift, as described in the next section.
A. Independent Joint Control
The neuro-muscular response to a perturbation in gait is modeled by two terms: (i) a model of the normal motion, (ii) a proportional-derivative controller that attempts to annul the error between the perturbed motion and the normal motion. Mathematically, this is described as
where u i (t), i = 1, .., 4, represents the torque at joint i after the perturbation, u ni (t) is the normal joint torque, K pi is the proportional gain constant and K di is the derivative gain constant. The normal kinematic data, q ni (t),q ni (t), and the perturbed kinematic data q i (t) andq i (t) are obtained via the camera system. Joint torques, u i (t) and u ni (t), are calculated using the dynamic model. The parameters K pi and K di are obtained by least squares routine from Matlab. The algorithm seeks a parameter vector that minimizes the norm of the vector
The rank of the matrix containing the kinematic error terms is determined from the QR decomposition with column pivoting. Fig. 4(a) shows a data set of normal and perturbed joint angles for the right knee over one stride after the knee was unlocked. Fig. 4(b) shows the torque generated during unlocked trials and perturbed trials along with the predicted applied torque u i (t) using Eq. (2) obtained with the best parameters K pi and K di . The corresponding joint angle data and the torque data before and after the perturbation along with the predicted torque with best parameters of K pi and K di for the left knee are shown in Fig. 4(c) and Fig. 4(d) . Data for the hip joints are shown in Fig. 5 . From these plots, we observe that the model of the neuro-muscular response given by Eq. (2) does not capture the experiment data well.
B. Coordinated Joint Control
In the coordinated joint control model, the torque response at a joint, after the lock is disengaged, is based on errors from the normal motion at all joints and is given by
The unknown matrix consists of 16 parameters for position errors and another 16 for the velocity errors, in contrast to 4 parameters each in the independent joint controller. Matlab algorithm described in the previous section is used again to find the parameters, K pi and K di with the least square error. Fig. 6 shows the controller results for each joint and this coordinated joint control model is more effective in predicting the actual responses compared to the previous controller.
C. Independent Joint Control with Time Shift
It is hypothesized that the sensory information is processed by human neuro-muscular system using the following two motor control mechanisms. The first is a feedback mechanism in which sensory information received from the joints and muscles is integrated with information such as ocular and the vestibular. The reflex loops require processing time (∼200ms) which is too long to be of any use in responding to unexpected perturbations. On the other hand, an openloop system where muscles are pre-tuned, can react faster (∼30 ms-80 ms) when a perturbation to movement occurs [10] . Therefore, we hypothesized that a time shift must be included in any model of joint control to account for rapid muscle response.
We introduce this time shift into the independent joint control model as shown in Eq. (4). Intuitively, this relation suggests that the neuromuscular system responds to the perturbation by generating joint torques more quickly than it would under the unlocked condition.
To determine the optimal time shift, total controller error is minimized using the Matlab routine described in the previous sections within a loop as the duration of the time shift is changed. The very first stride after the locked stride is compared with the data from the unlocked baseline strides in the following figures. Fig. 7 shows the controller results for each joint. As far as the single joint controller with time shift, the results demonstrate improved tracking responses for the left knee and left hip joints. However, tracking response for the other joints still need to be improved.
D. Coordinated Joint Control with Time Shift
In this model, the torque response at the joints in the stride immediately following the locked stride is based on errors at all of the joints and includes a characteristic time shift and is given by Fig. 8 shows the results of the coordinated joint control model for each joint. With this corrective neuro-muscular response to a perturbation in the gait, the model provides a reasonable match between the predicted and observed responses.
VI. EXPERIMENTAL RESULTS
The effect of flexion lock on peak joint angles is illustrated in Fig. 9 . The first data bar in the figure indicates the average of 10 strides before locking and it is considered as the baseline peak joint angle of the subjects. The graph summarizes the responses of 12 subjects (9 younger and 3 older) across 3 trails. Locking the right knee joint has similar effects on the ipsilateral and contralateral side. The peak knee flexion and hip extension angles are observed to decrease while peak hip flexion angle increases for both legs. It is interesting to note that restricting the right knee flexion during the early swing phase has more significant effects on the contralateral hip angles (p < 0.05).
The effect of the lock on step length is presented in Fig.  10 . Engagement of the flexion lock causes subjects to take a shorter step with the right leg while they take a longer step with the left leg after the lock disengages. Although there is a slight increase in the right hip flexion angle, the right step length decreases mainly due to the decline in the left hip extension. Fig. 11 shows normalized stride durations. Reduced knee flexion decreases left swing, left double support and right double support durations. It is noteworthy that the right swing time is observed to increase while the knee joint is locked before the subject reaches the peak knee flexion angle. The increase in the right swing time can be explained by the circumduction of the right leg. We observe that subjects spend more time during right swing as they lift up their hips to clear the foot from the surface of the treadmill.
As soon as the lock is disengaged, healthy adults' gait pattern immediately returns to the pre-lock baseline, thus no adaptation appears to have occurred. Restricting the knee joint motion in early swing phase simulates a variety of activities of daily living where falls occur. This type of perturbation may be useful in balance training to improve righting reactions in people with balance deficits. Fig. 12 presents Kp vs Kd distribution for younger and older adults computed using the coordinated joint control model with time shift by isolating data from the first stride after the lock is disengaged. As seen in Fig. 12 (b) and (c), the distributions of Kp and Kd parameters show a scattered response for older adults. Parameters from all of the four joints are shown in the figure. We find that the scattered response of Kp and Kd parameters for older subjects suggests that the engagement of the lock has a more perturbing effect on the gait of older subjects. Even though the shortening of the gait cycle might show similar values among younger and older subjects (Fig. 12(b) ), we observe that younger adults are able to generate the baseline torque values at the joints immediately after the perturbation. However, older adults cannot produce their baseline torque values as quick as younger adults and this error causes the scattered distribution of Kp and Kd parameters. Fig. 13 shows the computed controller parameters for three younger and three older healthy subjects. The coordinated joint control model was used with time shift. We see that these optimal parameters in the figure are clustered for dif- Step Length (m) Fig. 10 .
Step length before and after the engagement of the lock. Subjects tend to take a shorter step with the right leg while they take a longer step with the left leg due to the perturbation. ferent subjects dependent on their neuro-muscular response characteristics. In young adults, the response relates more to shortening of the gait cycle duration whereas in older adults, the response to the perturbation related to shorter cycle duration and errors in joint velocity and position. The effect of the perturbation may be used to better understand factors that characterize subjects who are more prone to falls under perturbations of the gait.
VII. CONCLUSION
Using a biped walking dynamic model during swing, it was found that the human response to retain the balance under the effect of reduced knee flexion is found to fit well the model of PD control, involving kinematic error in all joints along with a time delay. We believe that the parameters of the coordinated joint control and the time shift provide measures to characterize and distinguish the neuromuscular response of individuals. The results of this study may provide insight into dynamic balance during walking. 
